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Introduction
The use of ultrasound to deliver therapeutic compounds through the skin is generally referred to as sonophoresis (also known as phonophoresis) [1] , and dates back to the 1950s. [2, 3] In these early studies, the most common applications involved the use of therapeutic or high-frequency sonophoresis (HFS, frequencies ≥ 0.7 MHz) for the local delivery of corticosteroids. HFS continued to be used for nearly four decades, with researchers investigating frequencies as high as 16 MHz. [4, 5] Typical skin penetration enhancements observed with HFS are between 1-10 fold. [4, [6] [7] [8] However, a crucial shift in the mechanistic understanding of sonophoresis occurred when the importance of acoustic cavitation was recognized. [5, [9] [10] [11] [12] By exploiting the fact that cavitational effects exhibit an inverse relationship with ultrasound frequency, [13] Mitragotri et al. hypothesized that lowfrequency sonophoresis (LFS), in the range 20 -100 kHz, should be more effective than HFS in enhancing skin permeability. [7, 8] In these studies, it was shown that LFS at 20 kHz is up to three orders of magnitude more effective than HFS at 1 MHz. In the past decade, research has focused primarily on the use of LFS for transdermal drug delivery, due to the much greater enhancement ratios attained at these lower frequencies, while research with HFS has focused on topical or regional delivery. Readers who are interested in more indepth background on the structure of the skin and its barrier properties, to facilitate reading of this review, are referred to recent reviews by Baroli, Cevc, and Polat et al. [14] [15] [16] 2. Background
Ultrasound Basics and their Implications in Sonophoresis
An ultrasound wave is a longitudinal compression wave with frequency above that of the audible range of human hearing (above 20 kHz). Sound waves propagate by causing local oscillatory motion of particles through the medium through which they are traveling. As the wave displaces particles at a given location, the local density and pressure of the medium increases or decreases depending on whether that location is in a rarefaction (low pressure) or compression (high pressure) cycle of the wave. [17] Many interesting phenomena occur in aqueous solution due to the resulting oscillation between low and high pressure, which will be discussed in Section 2.1.
Ultrasound waves are created by first generating an electric signal which is subsequently amplified before being sent to the ultrasound horn. Once the electric signal reaches the ultrasound horn, it is converted into a mechanical wave by piezoelectric crystals (which change their static dimensions in response to an electric field [18] ) through the tip of the transducer, which is then transmitted to the desired medium. Two characteristics of ultrasound waves are most significant in sonophoresis: the amplitude and the frequency. The amplitude of the ultrasound wave is proportional to the displacement of the ultrasound horn during each half cycle. The frequency of the ultrasound wave corresponds to the number of times that the transducer tip is displaced per second of application time. Commonly used frequencies for sonophoresis are generally separated into two groups: (i) low-frequency sonophoresis (LFS), which includes frequencies in the range 20 -100 kHz, and (ii) highfrequency sonophoresis (HFS), which includes frequencies in the range 0.7 -16 MHz (the range of both therapeutic and high-frequency ultrasound), but most commonly 1 -3 MHz. This distinction is made because of the different mechanisms of enhancement associated with LFS and HFS, as discussed in Section 3. The range of frequencies between ~100 kHz and 700 kHz, which is referred to as intermediate ultrasound, is not included in either (i) or (ii) above because this range of frequencies has not been thoroughly investigated in the context of transdermal drug delivery, and therefore, the primary enhancement mechanisms are not as well understood. The most likely reason that LFS and HFS have been utilized historically for transdermal delivery applications, while intermediate ultrasound has not, is because of the lack of commercially available ultrasound equipment in the range 100 -700 kHz.
of the ultrasound coupling medium (the medium between the ultrasound horn and the skin, which can be an aqueous solution or a gel-like formulation). Commonly used ultrasound duty cycles are 10% (e.g., 0.1s ON and 0.9 s OFF), [7, 8, [19] [20] [21] [22] [23] [24] 50% (e.g., 5 s ON and 5 s OFF), [25] [26] [27] [28] [29] [30] [31] [32] [33] [34] [35] [36] [37] [38] [39] [40] [41] or continuous application. [20, [42] [43] [44] [45] [46] [47] Ultrasound pulsing is common because it decreases thermal effects associated with ultrasound by allowing time for heat to dissipate from the coupling medium during treatment. Many different horn-to-skin distances have been utilized in sonophoretic research, ranging from placing the ultrasound horn in contact with the skin (zero tip displacement) to as far as 4.0 cm from the skin surface. [41, 42] The most common tip displacements reported for use with LFS range from 0.3 cm to 1.0 cm. [7, 8, 19-22, 24-29, 31-39, 44, 45, 47-55] With HFS, it is much more common to have smaller tip displacements, almost in contact with the skin, for reasons that will become clear when the enhancement mechanisms associated with HFS and LFS are discussed in Section 3. Treatment times can also vary greatly, from a few seconds, [56] [57] [58] [59] to a few minutes, [25, 34, 39] or even to cases where steady-state is attained, which can take many hours to days. [21, 24, 60] Finally, formulation of the coupling medium is also a very important variable in sonophoresis. The viscosity, surface tension, density, acoustic impedance, and other bulk and interfacial properties of the coupling medium can all play significant roles in determining the extent of skin permeability enhancement observed as a result of the ultrasound treatment. Furthermore, the coupling medium can contain an active ingredient (e.g., a drug) or can include a chemical enhancer (co-enhancer), such as a surfactant. Because of the mechanisms associated with LFS and HFS (see Section 3), LFS coupling media are typically aqueous formulations, while HFS coupling media are typically gels. In both cases, the coupling solution has an acoustic impedance which is similar to that of the skin, such that there is no significant reflection of the ultrasound wave at the interface between the skin and the coupling medium. The mechanistic effects associated with the formulation used will be discussed further in Sections 3 and 4.
Acoustic
Cavitation-Although all the mechanisms responsible for skin permeability enhancement by sonophoresis are not fully understood, it is generally accepted that the main contributor is acoustic cavitation, particularly in the case of LFS. [22, 43, 45, 61] The term cavitation can take multiple definitions depending on the source of the stress acting upon the system. Strictly speaking, cavitation is the process by which a liquid is pulled apart when it is acted upon by a force in excess of its tensile strength, causing the formation of voids in the system. [62] However, due to inhomogeneities in all real liquids, such as those induced by the presence of dissolved gases, microscopic gas bubbles, or other particulates, the theoretical tensile strength of a liquid is never observed in practice. [62] For this reason, cavitation in all systems is observed far below the theoretical limit, even in extremely purified liquids. This definition of cavitation is not well suited for systems involving acoustic pressure variations, as is the case with sonophoresis. Instead, acoustic cavitation can be loosely defined as the process by which any of the following occurs: i) small gas bubbles already present in a liquid pulsate or grow, ii) gas bubbles form in the bulk or on nuclei due to acoustic pressure variations, or iii) the occurrence of any other type of growth, splitting, or interaction of gas bubbles due to acoustic pressure oscillations in solution. [63] Cavitation can be further divided into two types: stable and transient. Stable cavitation is defined as the pulsation of cavitation bubbles over many acoustic pressure cycles without collapse. Transient cavitation is defined as the rapid and uncontrolled growth of cavitation bubbles over several pressure cycles, eventually leading to their collapse into smaller bubbles or, if near a surface such as the skin, to the formation of a microjet. [64] A microjet results from the asymmetry in bubble collapse pressure near an interface. Depending on the properties of the interface, the bubble can either generate a jet towards the interface, away from the interface, or collapse in an alternate shape. [65] The collapse of a cavitation bubble as a microjet directed towards the interface tends to occur near more rigid surfaces [65] and has been implicated in causing skin perturbation during LFS treatment. [25, 37, 43 ] The growth of gaseous bubbles in response to ultrasound occurs by a process called rectified diffusion, which is discussed in Section 2.1.2.
It is important to stress that the resonant radius of cavitation bubbles exhibits an inverse relationship with the applied ultrasound frequency. [13] Specifically, the linear resonant bubble radius is defined by the equation r res ·f = C, where r res and f are the resonant bubble radius and the applied ultrasound frequency, respectively, and C is a constant that depends on the properties of the solution in which cavitation is occuring. [13] Therefore, highfrequency ultrasound will generate bubble populations having smaller radii than lowfrequency ultrasound. For example, the linear resonant bubble radius of air bubbles in water, which is assumed to be incompressible and inviscid, for ultrasound at 20 kHz is 150 µm, while at 3 MHz it is only 1 µm (see the equation above). [66, 67] The average size of cavitation bubbles in a given system will dictate where cavitation can occur in that system. For example, if the resonant bubble radius is larger than the dimensions of the skin voids available for cavitation to occur, it is unlikely that cavitation within the skin itself can play a significant role in skin permeability enhancement. [68] Therefore, cavitation within the skin is much more likely to occur with HFS, when the resonant bubble radius is on the order of microns or smaller, rather than with LFS. This will be discussed further in Section 3. Moreover, Ueda et al. have shown, through acoustic spectroscopy measurements, that the amount of transient cavitation generated in the coupling medium between the ultrasound horn and the skin membrane increases with decreasing ultrasound frequency, in the range 41 kHz -445 kHz.
[47] This suggests that not only cavitation bubble size, but also transient cavitation itself increases with decreasing ultrasound frequency, which has implications on the level of enhancement that can be achieved at lower ultrasound frequencies, relative to higher ultrasound frequencies (see discussion on mechanisms in Section 3).
Rectified Diffusion-
Cavitation cannot be thought of as an isolated phenomenon, because it is strongly linked to many other processes that cause unique behaviors in acoustically cavitating systems. For example, the process of rectified diffusion causes oscillating cavitation bubbles to grow under an acoustic pressure field. [69, 70] It is this growth and the eventual collapse of cavitation bubbles that is believed to cause skin permeability enhancement during LFS.
[43] During rectified diffusion, a bubble encountering a negative-pressure half-cycle of an acoustic field will grow due to the expansion of the gas inside the bubble. In addition, some of the liquid surrounding the bubble will diffuse through the boundary layer and vaporize, causing the amount of gas in the bubble to increase. In the subsequent positive-pressure half-cycle, the bubble will collapse to a size which is much smaller than that in its previous state. Depending on the temperature and the composition of the gas and liquid phases, some of the vapor will condense and join the liquid phase surrounding the bubble. This process favors bubble growth for two main reasons: (i) the "area" effect, and (ii) the "shell" effect. [71] The "area" effect simply occurs because the surface area of a bubble in the expanded state is much greater than in the collapsed state. Therefore, there is much greater area for diffusion into the bubble to occur in the expanded state than for diffusion out of the bubble to occur in the collapsed state. The "shell" effect occurs due to the existence of a diffusion boundary layer (see Figure 1 ), or shell, through which gas or vapor transfers between the gas phase of the bubble and the surrounding liquid phase. When the bubble is in an expanded state and the concentration of gas in the bubble is at its lowest point (Figure 1 , right-hand side), the shell is thin and, therefore, there is a larger concentration gradient for diffusion into the bubble. Conversely, in the collapsed state, the boundary layer is thicker, because of the rapid collapse of the bubble, and therefore, the driving force for diffusion out of the bubble decreases. Opposing the forces of bubble growth is the Laplace pressure, caused by the surface tension of the bubble. The Laplace pressure, ΔP L , is given by: ΔP L = 2γ/R, where γ and R are the surface tension and radius of the gas bubble, respectively. If the radius of the gas bubble is exceedingly small, the Laplace pressure will be extremely large, causing the gas bubble to dissolve back into the bulk phase once the ultrasound is turned off. [72] In this respect, the duty cycle of the applied ultrasound can also play an important role. If the pulse rate is rapid, cavitation bubbles may not have sufficient time to grow, and therefore, when the ultrasound is in the OFF period of the duty cycle, bubbles may dissolve back into the solution, [73] and will be unable to contribute to skin permeability enhancement in subsequent cycles.
Rectified diffusion is most important to cavitation when the amount of liquid vaporized in the negative-pressure half-cycle is greater than the amount of vapor condensing in the positive-pressure half-cycle. In this case, there is net growth of the bubble through each consecutive pressure cycle of the acoustic wave. If this process proceeds quickly, with rapid bubble growth over a few cycles, the event is considered a transient cavitation bubble and the bubble will either collapse in the bulk or can generate a microjet near an interface. [64] The occurrence of transient cavitation depends on the ultrasound frequency, its amplitude, and the size of the cavitation bubble. [67] On the other hand, if this process proceeds slowly and an equilibrium is reached, a stable cavitation bubble will result and the bubble will continue to oscillate during many pressure cycles. [71, 74] The importance of transient and stable cavitation to ultrasound-induced skin permeability enhancement will be discussed further in Section 3.
Forces Acting on Acoustic Cavitation
Bubbles-In addition to pulsating and growing in response to ultrasound, cavitation bubbles are also subject to radiation pressure and convective forces in an ultrasound field that can cause translational motion or interactions between bubbles. The first of these forces, the primary Bjerknes force, may play a role in LFS by causing translational bubble motion when buoyancy is not a factor (i.e. when the radius of the bubble is sufficiently small so that the upward buoyant force does not exceed the drag force and the gravitational force). [66] The primary Bjerknes force occurs as a result of the coupling of bubble oscillation with the applied acoustic pressure gradient. It causes bubbles that are smaller than the resonant bubble radius, at the applied frequency, to move up pressure gradients, or towards pressure antinodes, and bubbles that are larger than the resonant bubble radius to move down pressure gradients, or towards pressure nodes. [66] The effect of the primary Bjerknes force can be beneficial to LFS because, under typical operating conditions, the distance between the ultrasound transducer and the skin is less than one-fourth of the ultrasound wavelength, λ (in water at 20 kHz, λ = 7.5 cm), corresponding to the first pressure antinode (λ/4 ~1.9 cm). Therefore, any small bubble produced in the coupling medium between the ultrasound transducer and the skin will tend to move towards the surface of the skin as a result of this force. Even more significant than the primary Bjerknes force, however, is acoustic streaming, which is the convection-induced motion of cavitation bubbles due to the movement of the ultrasound horn itself. [62] Acoustic streaming causes the bulk fluid to move in the direction of the applied ultrasound field, which in the case of LFS is towards the skin surface. This causes smaller bubbles, which do no experience significant buoyancy, to also move towards the surface of the skin. Furthermore, this bulk fluid movement causes rigorous mixing of the coupling medium, which can have implications on enhancing mechanisms in areas of the skin where cavitation microjets do not occur (see Section 4.1). [24] This also implies that, at higher ultrasound intensities, when bubbles grow rapidly and larger bubbles are formed, bubbles will collect at the surface of the ultrasound transducer due to buoyancy, causing decreased process efficiency (which is observed in practice[41]).
A second force of interest in LFS is what is referred to as the secondary Bjerknes force. This force can cause the mutual attraction or repulsion of oscillating cavitation bubbles, and occurs as a result of the coupling of the sound field emitted by each oscillating bubble. [75, 76] However, the secondary Bjerknes force can also cause other, higher-order, phenomena such as acoustic streamers (the formation of stable pairs of bubbles that oscillate about an equilibrium distance from each other and move through an ultrasound field) and cavitation bubble clouds (localized collections of cavitation bubbles in an ultrasound field). [77] [78] [79] These phenomena may be significant in sonophoresis, particularly with respect to the recently recognized heterogeneous transport observed with LFS, as localized collections of cavitation bubbles may induce skin perturbation solely in discrete regions (see Section 4.1).
[34, 37]
Modes of Skin Treatment with Sonophoresis
Ultrasound is applied to skin primarily in one of two ways: i) as a pretreatment of the skin prior to contact with a drug or permeant (which will hereafter be referred to as "pretreatment"), or ii) as a simultaneous application of ultrasound through a coupling medium containing the drug or permeant (which will hereafter be referred to as "simultaneous treatment"). Simultaneous treatment causes enhancement of drug transport in two ways: i) by structural changes to the skin that increase skin permeability, and ii) through convection-related mechanisms that occur only when ultrasound is applied. [80] Conversely, the pretreatment method only enhances skin permeability by mechanism (i), because the drug is applied only after ultrasound treatment is completed. The simultaneous protocol is still common in studies that utilize HFS. [81] [82] [83] [84] [85] With LFS, both types of skin treatments have been investigated in the past, although the most common type of current treatment is the pretreatment method, including in clinical use of the technology. [56] [57] [58] [59] This is mainly because of three reasons. First, the action of ultrasound on drugs, or other active ingredients, can cause degradation of the molecules or other chemical reactions to occur. This can result in loss of activity or effectiveness of the therapeutic compound and may also cause undesired reactions that generate unknown species which could have deleterious biological effects. [86] Second, for clinical applications, simultaneous treatment requires that patients wear the ultrasound device for the duration of the treatment, while pretreatment has the advantage of requiring only that a patch be applied following a brief, ~10 second, ultrasound treatment. [80] Finally, the use of LFS for transdermal drug delivery has resulted in the ability to increase skin permeability to a greater extent than previously possibly with HFS, [7, 8] making it feasible for pretreatment of the skin to deliver therapeutic levels of drugs, without the need for the additional convection mechanism associated with the simultaneous treatment.
Mechanisms of Skin Permeability Enhancement in Sonophoresis

Non-Cavitational Mechanisms of Enhancement in Sonophoresis
In addition to cavitation, which will be discussed in Sections 3.2 -3.4, there are several other mechanisms whose roles on skin permeability enhancement in sonophoresis have been investigated. These include: i) convection (acoustic streaming and resulting boundary-layer reduction), [8, 68] ii) thermal effects, [8, 20, 68, 87] iii) mechanical or radiation pressure effects, [6, 68] iv) lipid extraction, [23] , and v) increase in the solution-membrane interfacial transfer rate, [88] among others.
Convection-Related
Mechanisms-It is important to recognize that the mechanisms of enhancement depend on the skin treatment protocol used. For example, utilizing the simultaneous treatment protocol, enhancement of drug permeation by convection is quite feasible. However, using a pretreatment protocol, convection cannot play any role in the enhancement of transport because the drug is not present in the coupling medium during the ultrasound treatment. Nevertheless, even with simultaneous treatment protocols, there have been conflicting claims about the role of convection in enhancing drug delivery. One likely explanation for this seeming incongruity is the skin model and skin thickness utilized. For example, using 20 kHz LFS (intensity of 1.6 W/cm 2 ) applied simultaneously with mannitol or sucrose, Tang et al. showed that convection only plays a significant role in transport across heat-stripped human skin (which contains solely the epidermis), while it was not significant in the case of the thicker split-thickness (0.7 mm) or full-thickness (≥1.4 mm) pig skin models. [21] Similarly, Mitragotri et al. showed that convection did not affect mannitol permeability in full-thickness pig skin (20 kHz, 7 W/ cm 2 ). [19] In other words, the skin permeability to mannitol was the same regardless of whether mannitol was present in the LFS coupling medium or was applied post-treatment.
Other studies, however, have suggested that convection can be important using LFS. For example, Tachibana et al. showed that the analgesic effect of 2% lidocaine, simultaneously applied with 48 kHz ultrasound (0.17 W/cm 2 ), was greater than when applied with an aqueous formulation instead of with a gel. [89] These authors concluded that the most likely reason for this observation was that ultrasound-induced convective streaming processes (such as acoustic streaming, see Section 2.1.3) were enhancing the bioavailability of lidocaine at the skin surface in the less-viscous aqueous formulation. In addition to the studies using LFS, a number of HFS studies have investigated the effect of convective processes as potential mechanisms of therapeutic delivery. Using cellophane membranes as a model, Lenart et al. deduced that with 1 MHz HFS treatment (1.2-6.0 W/cm 2 ), the main mechanism of increased diffusion of electrolytes was due to the formation of acoustic microcurrents. [90] In addition, utilizing 1 MHz HFS (1.5-3.0 W/cm 2 ), Levy et al. concluded that a combination of convective mixing and cavitation were the main mechanisms of enhanced delivery of mannitol, inulin, and physostigmine. [11] Simonin also demonstrated, using a theoretical analysis, that convective reduction of the boundary layer above the skin by stirring of the donor compartment could decrease the overall resistance of the membrane by about 10%. [68] Convection has also been cited as a possible mechanism in other HFS studies, [91] while it has not been implicated in several others. [6, 12, 92, 93] 3.1.2 Thermal Effects-Thermal effects have been studied in great detail with respect to sonophoresis, because attenuation of an ultrasound wave leads to heating of the medium that the wave traverses. An increase in temperature can increase skin permeability by: i) increasing the kinetic energy and diffusivity of drug compounds, ii) dilating points of entry of the skin (e.g., hair follicles and sweat glands), iii) facilitating drug absorption, and iv) enhancing circulation of blood in the treated area (in in vivo experiments). [6, 68] Because thermal effects are directly proportional to the ultrasound intensity and duty cycle, reports have differed on the importance of heating as a mechanism of sonophoresis. Many studies have concluded that thermal effects do not play a role in HFS (1-16 MHz, 0.2-3.0 W/cm 2 ) enhanced transdermal transport, although the temperature in the donor solution was not observed to increase more than 1-2 °C in these studies. [5, 11, 92] Conversely, and not surprisingly, in studies that observed much larger temperature increases (in excess of 10 °C), thermal effects were found to play a role in increasing permeant transport, although a temperature increase alone could not explain the full enhancement observed with the HFS treatment (1 MHz, 1 W/cm 2 ). [91] Meidan et al. even concluded that heating is the main mechanism of action with HFS. [87] A study of sonophoresis, at an intermediate frequency of 150 kHz (2 W/cm 2 ), also concluded that thermal effects may be a significant mechanism of increased flux of hydrophilic permeants. [94] However, recent studies, especially those conducted with LFS at higher amplitudes, have paid more attention to controlling and minimizing thermal effects. This is because significant increases in temperature, and sustained exposure to high temperatures, can lead to many harmful side effects, such as epidermal detachment, burns, and necrosis of the viable epidermis or underlying tissues. [20] Therefore, most current sonophoresis treatment protocols require periodic replacement of the coupling medium to minimize heating. Thermal effects have therefore been shown not to play a significant role in LFS studies. [22, 23, 45] For example, Polat et al. have shown that heating a solution to 37 °C does not increase the skin uptake of sodium lauryl sulfate (SLS) to a statistically significant extent, compared to controls at 25 °C, in 20 minutes of exposure (a typical duration for an in vitro LFS treatment, with replacement of the coupling medium every 2 minutes). [25] However, similar to observations with HFS, if the temperature is allowed to increase in the LFS experiments, and the increased temperature is maintained for an extended time, thermal effects will play a role. For example, Merino et al. demonstrated that during a 2-hour treatment using 20 kHz LFS (4.5-15.0 W/cm 2 , 10% duty cycle), thermal effects could explain up to 25% of the observed mannitol transport, with the temperature increasing as much as 20 °C during the treatments.
[40] These authors also stated that the remaining enhancement was likely due to cavitation (see Sections 3.2 -3.4).
Other Proposed
Mechanisms-Other mechanisms of enhancement have also been reported in the literature, albeit less often. One potential mechanism that has been considered is the direct force of the acoustic wave on the skin membrane or on the interface between the skin and the coupling medium. [90, 95] However, an investigation by Simonin has shown that this effect is exceedingly small and is therefore negligible relative to the overall skin permeability enhancement. [68] A unique study by Alvarez-Roman et al. showed that up to 30% of the stratum corneum lipids can be extracted into the coupling medium during LFS exposure (20 kHz, 15 W/cm 2 ). [23] These authors proposed that the decrease in skin lipids could explain previously observed phenomena such as: i) decreased skin electrical resistance, ii) increased water permeability, and iii) sustained permeability enhancement post-treatment. However, Alvarez-Roman et al. suggested that cavitation in the coupling medium is the most likely mechanism for the observed non-uniform enhancement across the skin surface, as well as a possible reason for the lipid extraction itself. [23] Therefore, lipid extraction due to LFS is likely a result of other enhancement mechanisms (e.g., cavitation), and not a direct mechanism of the LFS treatment. Finally, Julian and Zentner proposed that 20 kHz LFS (~13-46 W/cm 2 ) increased the diffusion of benzoic acid and hydrocortisone across model membranes (polydimethylsiloxane or cellulose) by decreasing the activation energy for diffusion, and thereby increasing the diffusion coefficients and partition coefficients between the solution and the membrane for these compounds. [88] However, no physical explanation was given as to how the ultrasound caused these changes, other than possible thermal effects. A subsequent theoretical analysis by Simonin to identify a microscopic physical interpretation as to why ultrasound decreases the interfacial energy barrier was unsuccessful. [68] Therefore, it is again possible that the proposed energy barrier reduction mechanism results simply from thermal effects (note the high amplitudes utilized in this study [88] , which are reported above), instead of being a direct mechanism itself.
The Role of Cavitation in HFS
In some of the first mechanistic investigations using HFS, Kost et al. and Levy et. al.
hypothesized that cavitation could play a role in transdermal delivery with sonophoresis. [10, 11] It was then shown by microscopy-based histological examination that cavitation within the skin is a significant mechanism at 10 MHz and 16 MHz. [5] A following theoretical analysis suggested that, at frequencies above 1 MHz, cavitation within skin appendages (such as hair follicles) could explain observed skin permeability enhancements using HFS, although it was unlikely that cavitation within the stratum corneum lipid bilayers could occur. [68] However, the most significant experimental study into the mechanisms of HFS, at frequencies between 1-3 MHz, was conducted by Mitragotri et al., and showed that cavitation within the skin was the primary mechanism of skin permeability enhancement. [12] Moreover, the microscopy-based findings showed that cavitation occurs within cavities near the corneocytes of the stratum corneum, leading to the hypothesis that the direct interaction of the oscillating cavitation bubbles induces disordering of the stratum corneum lipid bilayers, causing the observed increase in skin permeability (see Figure 2 ). [12] 
The Role of Cavitation in LFS
The role of cavitation as the primary mechanism of skin permeability enhancement during LFS was demonstrated by Tang et al. in a series of experiments involving the selective suppression of cavitation inside and outside the skin. [22] First, to show that cavitation outside the skin plays a more significant role than cavitation inside the skin, a highly viscous liquid, castor oil, was used in place of water in the coupling medium. This, in effect, completely suppressed cavitation in the coupling medium outside the skin, while not changing the conditions inside the skin significantly. It is important to note that the acoustic impedance of both water and castor oil are similar to that of skin, and therefore, the efficiency of energy transfer between the coupling medium and the skin is similar using either type of formulation. In the next series of experiments, a high-pressure diffusion cell was built, allowing for the suppression of cavitation in the entire system, both outside and inside the skin, by generating high static pressure. In both the castor oil and high-pressure studies, no significant change in skin permeability was observed compared to passive controls, and therefore, it was concluded that cavitation outside the skin was indeed the most important mechanism of skin permeability enhancement. [22] To elucidate whether transient or stable cavitation plays a more significant role in skin permeability enhancement by LFS, Tang showed that there is no relationship between the sub-harmonic emission recordings and skin permeability enhancement. However, a strong correlation between skin permeability enhancement and broadband noise was observed. [22, 45] Therefore, it was concluded that transient cavitation is the most significant mechanism of skin permeability enhancement during LFS. It has also been shown that by enhancing cavitation activity outside the skin, by the use of porous resins as cavitation nuclei in the coupling medium, increased skin permeability can be attained. This further demonstrates the significance of cavitation outside the skin in causing skin permeability enhancement using LFS. [32] The findings above, however, did not elucidate: (i) which types of transient cavitation events (microjets or shockwaves) lead to the observed enhancement of skin permeability, and (ii) the location of these transient cavitation events in the coupling medium: at the surface of the skin, close to the surface of the skin, or in the bulk. Tezel et al. were able to show that the critical distance of a bubble from the skin surface required to cause disruption to the surface is approximately one maximum bubble radius.
[43] The maximum bubble radius is the largest radius to which the bubble expands to in the negative pressure half-cycle of the ultrasound field (which is a function of the operating ultrasound parameters). This corresponds to no more than about 150 µm at the operating frequency of 20 kHz.
[43] However, a bubble which is only one diameter away from a solid surface is not likely to maintain symmetry during its oscillation. [97] Therefore, it is not likely that symmetric bubble oscillation resulting in shock waves plays a central role in the perturbation of the skin. This indicates that the most likely reason for skin permeability enhancement during LFS is microjet penetration into the skin surface, or microjet collapse near the skin surface, resulting in skin perturbation (see Figure 3) . [25, 37, 43 radius and ultrasound frequency. This correlation scales similarly to the relationship between the resonant bubble radius and ultrasound frequency (see Section 2.1.1), suggesting that the direct action of cavitation bubbles collapsing onto the skin, likely as microjets (see Figure 3) , accounts for the observed variation in skin pore radius with ultrasound frequency. [25] Other recent studies have also suggested that cavitation bubble collapses on the skin surface as microjets play a dominant role in skin permeability enhancement compared to other cavitation-related mechanisms, such as shock wave emission. [26] For example, Watanabe et al. have found that small pits can be observed on skin imaged with environmental scanning electron microscopy, which likely results from cavitation at the skin surface. [98] 
Difference in the Mechanisms of LFS and HFS
It is essential to recognize that different mechanisms are responsible for skin permeability enhancement in LFS and HFS. A common erroneous practice in the sonophoresis literature is to rationalize observations made using LFS by invoking enhancement mechanisms which are only applicable using HFS. In particular, a serious mistake involves identifying the actual location of cavitation during the ultrasound treatment (compare Figures 2 and 3 ). In HFS, as stated earlier in Section 2.1.1, the linear resonant bubble radius is on the order of less than 1 µm, which is comparable to the thickness of the lipid bilayers of the stratum corneum. This suggests that it is possible for cavitation to occur within skin appendages (hair follicle shafts, sweat glands, etc.) [68] or in lacunar cavities within the skin itself. [12] Indeed, there have been numerous studies reporting that cavitation within the skin is an important factor in skin permeability enhancement using HFS, at frequencies ranging from 1-16 MHz. [5, [10] [11] [12] In fact, it was believed that cavitation outside the skin would decrease the efficiency of the HFS treatment by decreasing energy transfer between the ultrasound horn and the skin treatment site. [4] Therefore, for these applications, it was suggested that suppressing cavitation in the coupling medium would be advantageous for overall skin permeability enhancement, which could be achieved by utilizing non-aqueous media, such as mineral oil, in the coupling solution. Unfortunately, when the switch from HFS to LFS was made, [7] it was still believed that cavitation within the skin would continue to play a dominant role. This has led to many erroneous citations and claims in the literature that transient cavitation within the skin is significant in LFS enhancement of skin permeability (e.g., [42, 49, 99, 100] ). However, since that time, it has been shown conclusively through cavitation suppression experiments, chemical and acoustic dosimetry methods, and theoretical analysis, that cavitation in the coupling medium near the skin surface is, in fact, the primary mechanism of skin permeability enhancement in LFS. [22, 25, 26, 43, 45 ] Therefore, careful attention should be paid when designing experiments and explaining observed trends, depending on the frequency of ultrasound utilized. For example, when utilizing LFS, cavitation above the skin has been shown to be the primary mechanism of enhancement, and therefore, the utilization of experimental protocols that suppress this mechanism, such as degassing of the coupling medium, placing the ultrasound horn in contact with the skin, or using a coupling medium with a high viscosity, is not recommended, unless suppression of cavitation above the skin is actually desired.
Phenomena Observed in Sonophoresis-Mediated Transdermal Drug Delivery
Localized Transport Regions
An important discovery in the area of skin permeability enhancement by LFS was the identification of heterogeneity in the enhancement of skin perturbation. Tang et al. [31] and Tezel et al. [54] observed independently that LFS operating at 20 kHz, with a colored permeant present in the coupling medium, produced highly-stained regions of LFS-treated skin. These regions of hypothesized high permeability were given the name localized transport regions (LTRs). Kushner et al. verified that these regions are indeed regions of increased permeability by using a unique masking method on LFS-treated skin.
[34] Experiments using solely LFS (20 kHz, 15 W/cm 2 ) showed that only a single LTR formed during sonication of skin samples, directly below the ultrasound transducer. [23] However, further investigation into the phenomenon of LTR formation showed that when 1% w/v SLS was added to the LFS coupling medium (frequencies of 19.6 -58.9 kHz), LTRs formed in stochastic patterns across the surface of the skin, ranging in coverage from 5 -25% of the skin surface area (see Figure 4) . [33, 34, 45, 54] In addition, Kushner et al. showed that the LTRs are not only highly perturbed (5000-fold decrease in skin resistivity), but that the nonLTRs are also permeabilized relative to untreated skin (170-fold decrease in skin resistivity) when SLS is present during the skin treatment.
[34] This is a significant finding because it shows that two levels of skin electrical resistivity enhancement are present. In comparison, in the case of LFS alone, only the LTRs were shown to be perturbed to a significant extent, with minimal change to the skin in the non-LTRs. [23] The frequency dependence of the skin permeability enhancement in the presence of SLS was studied by Tezel et al. at 20 kHz and 1.08 W/cm 2 , and the following trends were observed: (i) as the ultrasound frequency increases, the threshold ultrasound intensity for the observation of skin conductivity enhancement increases, (ii) at lower ultrasound frequencies, localized transport plays a more significant role, with LTRs observed on the surface of the skin, and (iii) at higher ultrasound frequencies, transport occurs more homogenously across the surface of the skin. [54] In another study utilizing multiple ultrasound frequencies (41 kHz, 158 kHz, and 445 kHz), Ueda et al. were able to show that disruption of the surface of gelatin membranes occurred only at 41 kHz, in discrete spots. [47] This suggests that localized transport is only significant when treating skin in the LFS range. Furthermore, in a recent study, Polat et al.
showed that the pore size within LTRs in skin treated with LFS/SLS is frequency dependent, while in non-LTRs no frequency dependence was observed. [25] Because the size of cavitation bubbles is also frequency dependent [13] , the authors concluded that cavitationinduced microjet collapse at the skin surface is the most likely mechanism of LTR formation and of skin permeability enhancement within LTRs. Conversely, within non-LTRs, due to the frequency independence in the observed pore size, the action of SLS on the skin was concluded to be the main mechanism of non-LTR enhancement, with increased uptake of SLS into the non-LTRs taking place via a convection-related mechanism, such as boundarylayer reduction by acoustic streaming (see Section 2.1.3). [25] It is noteworthy that there have been no reports of LTR formation with HFS, which is expected because it is known that localized transport is more significant only at lower ultrasound frequencies (interested readers are referred to Refs. [37, 54] for a more detailed discussion of LTRs).
Synergism of Sonophoresis and Chemical Enhancers
One of the most significant phenomena observed with sonophoresis is that its combination with chemical enhancers, such as surfactants, results in synergism in the enhancement of transdermal transport. Chemical enhancers alone are known to permeabilize skin by solubilizing or extracting skin lipids and by denaturing corneocytes. [101] However, their effect on skin permeability can be even more dramatic when combined with ultrasound. One that by adding a common anionic surfactant, SLS, to the LFS coupling medium (20 kHz), skin permeability to mannitol increased 200-fold over 90 minutes of treatment, while for LFS and SLS treatments alone, only 3-fold and 8-fold enhancements were observed, respectively. [19] Furthermore, these authors showed that the energy density threshold required to observe any skin permeability enhancement decreased by nearly an order of magnitude from 141 J/cm 2 to 18 J/cm 2 , with the inclusion of SLS in the LFS coupling medium. In addition, Mitragotri et al. demonstrated that skin permeability enhancement is linearly proportional to SLS concentration, in the range 0 -1 wt% SLS, and is also proportional to the LFS intensity and exposure time, but independent of duty cycle. [19] In a following study, Tezel et al. studied the synergism between LFS (20 kHz) and a series of eleven surfactants.
[33] The study included surfactants with a variety of "head" groups (cationic, anionic, nonionic, and zwitterionic) and "tail" groups (linear alkanes containing 8-16 carbons). In 10 minutes of LFS treatment, using a surfactant concentration of 1 wt% in the coupling medium, tetradecyltrimethyl ammoniumbromide (TDAB), SLS, and hexadecyltrimethyl ammoniumbromide (HDAB) yielded the highest skin conductivity enhancement ratios of 35.4, 24.5, and 15.9, respectively, of all the single surfactant solutions considered. However, when multiple surfactants were mixed, both synergistic and antagonistic effects were observed. For example, a 50:50 mixture of TDAD and HDAB (total concentration of 1 wt%) yielded an enhancement ratio of 42.8 (greater than using either single surfactant alone at a concentration of 1 wt%), thus exhibiting synergism. On the other hand, a 50:50 mixture of SLS and glycolic acid ethoxylate 4-tert-butyl phenyl ether (ether) only showed an enhancement ratio of 1.6, much lower than the enhancement ratio corresponding to either single surfactant solution (enhancement ratio for ether alone was 5.5), thus exhibiting extreme antagonism. No mechanism was suggested to rationalize why synergistic or antagonistic effects were observed in the binary surfactant formulations. Tezel et al. concluded that ionic surfactants are better than nonionic surfactants at increasing skin conductivity, and that the optimum surfactant tail length to attain synergistic skin permeability enhancement with LFS is 14 carbons, compared to 12 carbons for passive enhancement.
[33]
The effects of a surfactant present in the coupling medium during sonophoretic treatment can be broadly classified into two types: (i) the effect of the surfactant on ultrasound-related phenomena, and (ii) the effect of ultrasound on surfactant penetration, dispersion, and partitioning in the skin. Although these two mechanisms are strongly coupled, for simplicity, they will be discussed separately. Surfactants can affect cavitation through several mechanisms. Because of their preferential adsorption at interfaces, surfactants tend to reduce the surface tension of aqueous solutions. Surface tension has its greatest effect on the oscillation of a cavitation bubble at the beginning of its expansion and at the end of its compression, causing an increase in the rate of expansion and a decrease in the rate of compression as the surface tension decreases.
[63] In general, sonochemical activity is favored in liquids possessing higher surface tensions because it leads to more violent collapse of bubbles, and consequently, more sonochemical related phenomena take place. [115] However, in addition to decreasing the surface tension, surfactants also play a role in stabilizing cavitation bubbles by inhibiting bubble coalescence and growth, especially in the case of charged surfactants (due to the electrostatic repulsions between charged bubbles). Therefore, the addition of surfactants to the coupling medium leads to a larger population of smaller cavitation bubbles. [73] If the ultrasound field is pulsed, some of these smaller bubbles have a tendency to dissolve back into the solution when the ultrasound is off due to the Laplace pressure of the bubble (see Section 2.1.2). [73] The interplay between cavitation bubble growth and coalescence inhibition depends on the surfactant concentration. Usually, in LFS-mediated transdermal drug delivery experiments, 1% w/v SLS is used in the coupling medium. At this SLS concentration, experiments have shown that shielding and stabilization effects play a more significant role than surface tension effects. [73] As a result, it is observed that when 1% w/v SLS is present in the coupling medium during LFS treatment, transient cavitation activity decreases when compared to experiments performed when SLS is not present in the coupling medium, due to the existence of a population of smaller less energetic cavitation bubbles in the presence of SLS. For example, Mitragotri et al. measured transient cavitation events by aluminum foil pitting and found that when 1% w/ v SLS in PBS solution was used instead of just a PBS solution, the number of pits decreased from 73±20 pits, in 20 seconds, to 6±4 pits. [19] These authors also found that the average pit diameter decreased when 1% w/v SLS was present in the coupling medium. Therefore, it does not appear that a change in cavitation activity would favor synergism between LFS and surfactants, but instead, may actually inhibit it. Therefore, there must be some other mechanism to explain the synergism between surfactants and sonophoresis.
Chemical enhancers, such as surfactants, are known to increase the rate of transdermal drug delivery by: i) increasing the stratum corneum lipid fluidity, ii) changing lipid organization, [116] iii) decreasing the path length and tortuosity across the stratum corneum, iv) increasing the skin diffusion coefficient, and v) increasing the coupling medium-to-skin partition coefficient. [117, 118] However, the barrier properties of the skin inhibit the extent to which surfactants can diffuse into and perturb the skin passively in a reasonable amount of time. Therefore, it is believed that the main role of the synergism between LFS and the surfactant is the ability of LFS to increase the concentration and dispersion of the surfactant inside the stratum corneum. [28] By carrying out a series of experiments in which skin was soaked in a solution of 1% w/v SLS for various durations between 1 minute and 24 hours, followed by the application of LFS/SLS for 10 minutes, Mitragotri et al. found that as the skin soaking time increased, the ratio of skin conductivity after ultrasound treatment to skin conductivity prior to ultrasound treatment decreased. [19] This result shows that the effect of LFS treatment is diminished with increased passive exposure time to SLS. From these results, the authors argued that synergism between LFS and SLS is due to the increased penetration and dispersion of the surfactant in the skin induced by LFS. [19] Another study suggested that pH changes induced in the skin during LFS may explain the synergism between LFS and SLS.
[48] However, it is not clear whether the pH changes in the skin are merely a consequence of the combined LFS/SLS treatment or, in fact, play a role in the observed synergism. In spite of the findings above, no convincing physical mechanism has been proposed to date to explain why LFS causes increased uptake of surfactants. Therefore, this important topic is still an area of active research.
Synergism of Sonophoresis with Other Physical Enhancers
Early research using HFS showed that when an injection of hydrocortisone was followed by ultrasound treatment at 1 MHz, the effects of the combined treatment were superior to those of the injection alone, [3] essentially showing synergism between the injection and the therapeutic ultrasound treatment. Later, Kost et al. investigated synergism between HFS and electroporation, which is the process of increasing skin permeability by applying a highvoltage pulsed electric field across the skin. [119] In this study, the transport of two model permeants, calcein and sulforhodamine, were investigated in response to 10-150 V electric pulses (1 millisecond every minute) in combination with 1 MHz HFS. Although HFS alone did not increase the skin permeability to either model permeant, the combination of HFS and electroporation increased the flux of calcein by a factor of 2 and of sulforhodamine by a factor of 3, compared to the enhancement observed by electroporation alone. In addition, the lag time to steady state was decreased by 40%, relative to the case of electroporation alone, from 15 minutes to 9 minutes. However, when 3 MHz ultrasound was applied, very little synergism was observed. This led the authors to conclude that the mechanism of synergism between HFS and electroporation was cavitation-induced disordering of the skin's lipid bilayers and convection across the skin, because cavitational effects are inversely proportional to ultrasound frequency. Furthermore, convection-induced enhancement was dependent on the properties of the permeant considered. For example, the electric field played a larger role in the flux enhancement of the more highly-charged calcein (total charge of -4) than in the transport of sulforhodamine (total charge of -1) across the skin. [119] The most common type of physical enhancer that has been studied in combination with LFS is iontophoresis, the process of increasing skin permeability by continuously applying a low voltage electric field across the skin. Le et al. studied the synergism of LFS at 20 kHz, through a coupling medium containing 1 wt% SLS or dodecyl pyridinium chloride (DPC), with iontophoresis applied at an energy density of 0.45 mA/cm 2 . [27] Utilizing heparin, a negatively-charged biopolymer with average molecular weight of 10 kDa, as a model drug, these authors found that the skin permeability was over two-fold higher with the combination of LFS and iontophoresis (through an SLS coupling medium) than when utilizing either physical enhancer alone. Subsequently, by utilizing the positively-charged surfactant DPC, the authors were able to show that the initial (first hour) flux of the negatively-charged heparin was nearly twice that corresponding to the SLS treatment case.
[27] The authors reasoned that this was due to the fact that when the negatively-charged SLS was utilized, both SLS and heparin competed for the same current, while the opposite charges of DPC and heparin would negate this effect. However, the steady-state heparin permeability induced by SLS, in combination with LFS and iontophoresis, was still slightly higher than that attained using the same treatment with DPC. This suggests that the combined LFS treatment with SLS caused greater sustained skin perturbation than DPC. The authors concluded that the synergistic enhancement observed with LFS and iontophoresis was practically significant because it: i) allowed the delivery of a macromolecule at therapeutic levels, ii) required reduced voltage/current to achieve the desired flux, and iii) allowed for active control of transdermal transport. [27] In another study, Fang et al. also found that LFS (20 kHz), when combined with iontophoresis (0.5 mA/cm 2 ), increased permeation of sodium nonivamide acetate across nude mouse skin in a synergistic manner. [120] In a more recent study using an intermediate ultrasound frequency (270 kHz [98] Specifically, despite minimal enhancing effects when ultrasound and iontophoresis were used separately, their combination increased delivery of antipyrine and sodium salicylate 10-fold. The authors suggested that the mechanism of enhancement was loosening of the connections of the stratum corneum by ultrasound, followed by increased electroosmotic flow due to iontophoresis. [98] In another study utilizing intermediate ultrasound, Hikima et al. studied the mechanisms of synergistic delivery of seven model permeants, ranging in size from 122-1485 Da, utilizing 300 kHz ultrasound and iontophoresis (0.32 mA/cm 2 ). [121] The study found that chemicals that were non-ionized or greater than 1000 Da in molecular weight showed synergistic enhancement with the combined ultrasound and iontophoresis application, whereas ionized drugs showed similar profiles in response to the iontophoretic treatment alone. The authors also conducted simulations that showed that the synergistic effect between ultrasound and iontophoresis occurred due to increased electroosmosis in the stratum corneum. Consequently, the synergistic mechanism was a result of increased skin diffusivity due to the action of ultrasound on the skin, followed by increased electroosmotic flow induced by iontophoresis. Recently, LFS has also been utilized in conjunction with other physical enhancers in a clinical setting. For example, Spierings et al. investigated the ability of LFS, in the form of the FDA approved SonoPrep® device (Echo Therapeutics, Franklin, MA), to act synergistically with low-voltage iontophoresis, in the form of the FDA approved Phoresor PM700® device (Iomed Incorporated, Salt Lake City, UT), in delivering the topical anesthetic Iontocaine® (Abbot Laboratories, Chicago, IL). [59] The study showed that a pretreatment with LFS, followed by 2 minutes of low-voltage iontopheresis, provided statistically similar pain relief as 10 minutes of standard high-voltage iontophoresis. A similar study with higher ultrasound frequencies found that the combined treatment of iontophoresis (5 mA) and HFS (1 MHz) to deliver cortisol was effective in decreasing subjective pain complaints of patients with mild to intermediate stages of carpal tunnel syndrome. [122] Finally, a recent clinical study reported the use of microdermabrasion treatment, followed by the application of sonophoresis through a complex containing hyaluronic acid, retinol, and peptide. [123] The authors showed that the combination of the two physical skin penetration enhancement methods had beneficial effects in photorejuvenation of the skin, such as enhanced vascularity in the dermis and increased type I and III collagen formation. [123] 
Scope of Transdermal Delivery Utilizing Sonophoresis
High-Frequency Sonophoresis
The use of therapeutic frequencies of ultrasound to increase the cutaneous penetration of cortisol, a topical steroid, was first demonstrated by Fellinger and Schmid in 1954. [2] Additional research on sonophoresis during the same time period showed beneficial effects of therapeutic ultrasound after injection of drugs [3, 124, 125] and the treatment of localized disorders with ultrasound treatment alone, such as in the treatment of pain, scars, arthritis, epicondylitis, keloid growth, and bursitis. [126] [127] [128] [129] [130] [131] The popularity of delivering therapeutic compounds with ultrasound increased over the following decades, with at least 150 independent reports to-date describing the use of ultrasound frequencies greater than 0.7 MHz in the delivery of permeants transdermally. These studies are summarized in Table 1 .
Nearly all studies involving HFS have utilized the simultaneous treatment protocol, that is, the drug being delivered is included in the coupling medium (typically a gel) during ultrasound treatment. Therefore, in addition to cavitational effects within the skin [12] that can increase skin permeability, thermal and convective effects can also play a role in increasing solute partitioning into the stratum corneum of the skin and subsequent mobility therein (see Section 3 for more details). The additional enhancement resulting from this combination of mechanisms is beneficial, because enhancement by HFS is usually modest (1-to 10-fold) when compared to enhancements observed with LFS. [4, [6] [7] [8] However, this level of enhancement may be sufficient for the applications that HFS has been used for, which usually entail topical or regional delivery of therapeutics (for example, topical steroids for inflammatory conditions or arthritic joints, see Table 1 ). Systemic delivery is not a common goal with HFS. Furthermore, most compounds delivered by HFS are small molecules, with only a handful of drugs having molecular weights greater than 1000 Da tested (see Table 1 ). This is consistent with the assertion that HFS does not change the structure of the skin greatly, and therefore, can only operate by increasing the penetration of molecules that would likely penetrate the skin in lesser amounts under passive conditions. Nevertheless, the fact that HFS does not induce large changes to the skin barrier is also a strength of this treatment method, as it is generally considered to be a very safe technology, and is frequently utilized in other widespread applications, such as in sports and physical therapy. Furthermore, because many ultrasound devices that operate in the range 0.7 -3.0 MHz are FDA approved, it is much easier to initiate human trials of such therapies, as evidenced by the large number of in vivo human studies presented in Table 1 (in comparison, far fewer in vivo studies are summarized in Table 2 in the case of LFS). Therefore, as evidenced by the nearly 90 compounds tested with HFS listed in Table 1 , the use of therapeutic and high-frequency ultrasound for skin penetration enhancement has a rather large scope, with interest in the technology continuing to the present day. [81] [82] [83] [84] [85] 132] 
Low-Frequency Sonophoresis
LFS is at a disadvantage relative to HFS in that it has been studied extensively only over the past two decades. Therefore, LFS has been investigated in fewer studies and currently lacks the historical track record of safety that HFS enjoys. The first investigations devoted solely to the use of LFS for transdermal delivery were conducted by Tachibana and Tachibana in the early 1990s, [89, 261, 262] and involved the use of 48 kHz and 105 kHz ultrasound for the delivery of insulin and lidocaine to mice and rabbits. Surprisingly, a review of the literature shows that Griffen et al. used LFS at 90 kHz, in 1965, [180] and demonstrated that the penetration of cortisol into subcutaneous pig nerves was higher for the 90 kHz treatments than those at 1MHz. However, frequencies in the range 20 -100 kHz were seemingly forgotten for the next 25 years, until the aforementioned publications by Tachibana and Tachibana. [89, 261, 262] These studies were followed by work done by Mitragotri et al., who showed that macromolecules even larger than insulin could be delivered transdermally at therapeutic levels, including interferon-γ (17 kDa) and erythropoietin (48 kDa). [7] A subsequent investigation demonstrated that LFS is up to three orders of magnitude more effective at increasing skin penetration enhancement of compounds transdermally than HFS. [8] From these beginnings, research on low-frequency ultrasound-mediated transdermal drug delivery has exploded, with dozens of different groups working on applications of this technology (see Table 2 ). All types of permeants, from small hydrophobic compounds, such as salicylic acid, to highly hydrophilic compounds, such as vasopressin, to proteins, such as insulin, and even vaccines or nanoparticles, have been delivered transdermally with LFS. All the permeants that have been delivered by LFS through varying skin models, to-date, are listed in Table 2 . Note the wide range of molecules that have been delivered by LFS, including those that are either hydrophilic (negative octanol-water partition coefficient, log K o/w ) or hydrophobic (positive log K o/w ), and those that are low-molecular weight (< 1000 Da molecular weight, MW) or high-molecular weight (≥ 1000 Da MW). LFS has truly increased both the type and the extent to which molecules can be delivered through the skin at therapeutic levels, compared to HFS, which is typically limited to lower molecular weight compounds. Therefore, the scope of LFS may be even greater than that of HFS, although LFS faces more regulatory hurdles than HFS treatments, due to the current lack of historical precedence of safety.
Emerging Trends in Sonophoresis
High-Frequency Sonophoresis
The future of HFS appears to be very similar to its past, that is, in its utilization for the treatment of topical or regional disorders. A review of publications in the last two years reveals that the most common types of drugs delivered with HFS are anti-inflammatory medications for joint and muscle pain, as well as ointments for local skin or muscle conditions. However, while historically the most common types of anti-inflammatory medications used with HFS have been topical steroids, such as cortisol, dexamethasone, or prednisolone (see Table 1 ), a shift has been seen in recent years to non-steroidal antiinflammatory drugs (NSAIDs). These include: i) diclofenac, used to alleviate knee pain or arthritis, [199, 200] , ii) ibuprofen, used to treat pain and inflammation in arthritis and other ailments, [84, 200] iii) ketoprofen, used in treating pain of the knee and termporomandibular joints, [82] , iv) ketorolac, used for post-operative pain and inflammation, [223] v) nimesulide, used for acute pain, such as that associated with osteoarthritis, [81] and vi) piroxicam, used to treat symptoms of arthritis. [85, 200, 239] This trend is likely due to the fact that oral NSAIDs commonly cause gastrointestinal (GI) side-effects, such as nausea, heartburn, GI ulcers, GI inflammation, nonspecific colitis, relapse of inflammatory bowel disease, and GI bleeding, among others. [292, 293] Meanwhile, common uses of oral NSAIDs include local joint conditions such as arthritis, that may be equally, or more, effective if administered topically, while greatly mitigating systemic side-effects. [294] In fact, it has been shown that treating GI-related side-effects of NSAID usage adds, on average, nearly 46% to the total cost of patient care. [295, 296] Therefore, creating a dependable and usable topical NSAID treatment method is clearly an area of need, and is a current and emerging trend with HFS.
Other recent studies that have utilized HFS for increased percutaneous absorption to treat local ailments include: i) aloe vera, a common skin moisturizer or skin healing agent, [83] ii) Arnica montana, a plant extract used to treat inflammatory muscle lesions, [135] iii) dimethylsulfoxide, for the treatment of local muscle damage and oxidative stress, [132] panax notoginseng, an herbal extract used to increase strength of local ligament repair, [233] and v) sinomenine, a morphinan derivative used in the treatment of rheumatism and arthritis. [111] In nearly all of these studies, the combination of HFS treatment with the active agent showed increased benefit over passive treatment with the drug alone. Therefore, because of its track-record of safety and its ability to increase the epidermal penetration of topical ointments, it is likely that HFS will continue to emerge as a viable method for the delivery of low-molecular weight drugs (<1000 Da) for local and regional ailments.
Low-Frequency Sonophoresis
Unlike HFS, LFS is not restricted as severely by the size of the molecules that it can deliver, since proteins, vaccines, and even nanoparticles have been demonstrated to be deliverable by LFS (see Table 2 ). Therefore, emerging trends with LFS include the delivery of therapeutics for systemic, regional, or local conditions. Arguably the most exciting application is the use of LFS for transdermal vaccination. Transcutaneous administration of vaccines is already known to act as an immunization adjuvant, by targeting the Langerhans cells of the viable epidermis. [297, 298] Even ultrasound itself, without exposure to an antigen, has been shown to elicit an immune response and to activate Langerhans cells. [53, 299] Furthermore, it has been demonstrated that LFS can be utilized to deliver highmolecular weight vaccines, such as tetanus toxoid, and can offer equal protection as intramuscular injection. [53, 291] Therefore, it is of no surprise that transdermal vaccination by LFS is an area of increased research interest. Transdermal vaccination has the added safety benefits of decreased risk of needle misuse, abuse, or re-use, especially in lower income areas and nations where these types of issues can be a problem. [101, 300] Moreover, an equal immune response can be achieved by transdermal application of antigens, as injection, but with the body being exposed to a far smaller concentration of antigen. For example, Tezel et al. have shown that just 1.3 µg of tetanus toxoid delivered to the Langerhans cells after LFS treatment elicited an immune response equivalent to that of 10 µg injected subcutaneously in mouse models. [53] This clearly demonstrates the ability of LFS to deliver vaccines effectively.
Another interesting area of research is the use of LFS to transdermally deliver drug carriers, which could be used for targeted or systemic delivery of agents. For example, several groups have recently shown the ability of LFS to deliver nanoparticles as large as ~100 nm through the stratum corneum, the primary barrier of the skin, into the viable epidermal and dermal skin layers. [35, 39, 42, 287] Specifically, Lopez et al. have utilized functionalized quantum dots (QDs), to mimic drug delivery vehicles, in order to understand optimum surface chemistry for the delivery of nano-carriers through LFS-treated skin. [287] Their findings showed that cationic, neutral, and anionic QDs, ranging in size from 10 -22 nm, could be delivered into the dermal layers of LFS-treated skin. They found that, unexpectedly, the cationic-functionalized QD with the highest charge did not penetrate to the greatest extent through LFS-treated skin. Therefore, it is likely that an optimal cationic surface charge exists when designing transdermal drug delivery vehicles. [287] Therefore, with further research in this area, one could design drug delivery carriers that could be administered through LFS-treated skin for applications such as transdermal vaccination, the delivery of drugs for treatment of skin disorders, or even possibly for systemic delivery.
Other areas in which LFS has been utilized in emerging technologies include: i) blood glucose monitoring, [29, 30, [301] [302] [303] [304] [305] , protein delivery, [225, 271, 275, 278, 279] , and in clinical allergy testing. [274] Glucose-monitoring, coupled with transdermal insulin delivery, [225, 275, 278, 279] is especially exciting because it may permit the creation of a closedloop system that allows for on-demand delivery of insulin, based on a patient's continuous blood-glucose measurements. [305] The miniaturization of LFS horns, to the size of 3 -6 cm wearable devices, has brought this goal even closer to reality. [275, 278-280, 282, 289, 304, 305] Needless to say, there are many emerging LFS technologies on the horizon that may change how doctors administer, and patients receive, drug therapies in the future.
Conclusions
The use of ultrasound for the transdermal delivery of drugs has been investigated extensively. Mechanisms of skin permeabilization induced by low-frequency ultrasound (low-frequency sonophoresis, LFS) and by therapeutic and high-frequency ultrasound (highfrequency sonophoresis, HFS) are different. With LFS, the primary mechanism of enhancement has been conclusively shown to be transient acoustic cavitation above the skin membrane, likely as microjets impinging on the skin surface. With HFS, cavitation within the skin, either in skin appendages or at locations near the kerotinocytes of the stratum corneum, is the main contributor to skin permeability enhancement, although other mechanisms may play more minor roles. In general, HFS is more effective at increasing the skin penetration of small molecular weight compounds, such as NSAIDs and topical steroids. Moreover, because HFS has a long track-record of safety and use in patients for physical therapy, HFS also has the advantage of being more readily usable in human trials. On the other hand, LFS has shown a much greater capacity to deliver high-molecular weight compounds, including proteins, hormones, vaccines, and nanoparticles. However, clinical uses of LFS are in their infancy, with only a few current applications in patients, due to the relatively shorter time frame in which LFS-mediated transdermal delivery has been investigated. Regardless, both HFS and LFS technologies are being utilized to an increasing extent, and provide the potential to improve how drugs are administered to patients clinically. Relative thickness of the diffusion boundary layer (in black) of a spherical cavitation bubble in the collapsed state (in the compression cycle, left) and in the expanded state (in the rarefaction cycle, right). Illustration of cavitation bubbles inducing disordering within the stratum corneum under HFS. Legend: Keratinocytes ( ), cavitation bubbles ( ), lipid bilayers ( ), and coupling medium ( ). Illustration of a cavitation bubble asymmetrically collapsing into the stratum corneum as a microjet under LFS. Legend: Keratinocytes ( ), lipid bilayers ( ), and coupling medium ( ). LTRs formed on the surface of pig skin treated with 20 kHz LFS and a surfactant. LTRs are stained with allura red. Table 1 Molecules that have been delivered transdermally with therapeutic and high-frequency ultrasound. [190, 191] 0.87 c in vivo human [192] 1.0-3.0
1.0 in vivo human [193, 194] 1.0 Table 2 Molecules that have been delivered transdermally with low-frequency ultrasound. 
